Abstract. To overcome the intensive light scattering in biological tissue, diffuse optical tomography (DOT) in the near-infrared range for breast lesion detection is usually combined with other imaging modalities, such as ultrasound, x-ray, and magnetic resonance imaging, to provide guidance. However, these guiding imaging modalities may depend on different contrast mechanisms compared to the optical contrast in the DOT. As a result, they cannot provide reliable guidance for DOT because some lesions may not be detectable by a nonoptical modality but may have a high optical contrast. An imaging modality that relies on optical contrast to provide guidance is desirable for DOT. We present a system that combines a frequency-domain DOT and real-time photoacoustic tomography (PAT) systems to detect and characterize deeply seated targets embedded in a turbid medium. To further improve the contrast, the exogenous contrast agent, indocyanine green (ICG), is used. Our experimental results show that the combined system can detect a tumor-mimicking phantom, which is immersed in intralipid solution with the concentrations ranging from 100 to 10 μM and with the dimensions of 0.8 cm × 0.8 cm × 0.6 cm, up to 2.5 cm in depth. Mice experiments also confirmed that the combined system can detect tumors and monitor the ICG uptake and washout in the tumor region. This method can potentially improve the accuracy to detect small breast lesions as well as lesions that are sensitive to background tissue changes, such as the lesions located just above the chest wall.
Introduction
Diffuse optical tomography (DOT) in the near-infrared (NIR) spectrum provides a unique approach for functional diagnostic imaging. This imaging technique can detect endogenous absorbers and also determine the hemoglobin concentration and oxygen saturation. [1] [2] [3] [4] [5] [6] [7] [8] [9] To overcome the intensive light scattering inside the biological tissue which results in poor localization and low quantification of the lesion, DOT is usually guided by other imaging modalities, such as ultrasound, 10 magnetic resonance imaging, 11 and x-ray. 12 Our laboratory developed an ultrasound-guided diffuse optical imaging system and showed promising results on early cancer diagnosis and neoadjuvant chemotherapy monitoring. 10, 13, 14 However, due to the different contrast mechanisms, some lesions may not be detectable by a nonoptical modality but yet may have a high optical contrast. 15, 16 For example, mammography alone had the sensitivity and specificity of 78% and 99%; correspondingly, ultrasound alone has the sensitivity and specificity of 75% and 93%. 15 As a result, an imaging modality that relies on an optical contrast to provide the guidance is desirable for DOT. Photoacoustic tomography (PAT) is an emerging technique which can provide optical energy absorption distribution inside the medium at ultrasound resolution. [17] [18] [19] [20] [21] [22] PAT utilizes a short-pulsed laser beam to penetrate into tissue diffusively. Upon the absorption of the light by the target, photoacoustic waves are generated and used to reconstruct the image at ultrasound resolution. Several groups have investigated quantitative PAT with the help of diffuse optical imaging. [23] [24] [25] [26] Conversely, PAT can serve as an excellent complementary modality for improving the quantification accuracy of DOT by providing high-resolution optical contrast imaging. [27] [28] [29] [30] Jiang's group recently reported a dual-modality imaging system for image-guided surgery that integrates DOT and photoacoustic imaging (PAI) through a miniaturized hand-held probe based on the microelectromechanical systems (MEMS) scanning mirror. 27 Our group recently reported a system 29 which combined DOT and PAT where the DOT can provide three-dimensional (3-D) absorption coefficient distribution and the PAT can provide two-dimensional (2-D) distribution of the absorbed optical density at the cross section where the ultrasound transducer was located. The DOT image reconstructions without any a priori information only have an average accuracy of about 26% of the true values. Using the location information provided by the PAT image, the absorption coefficient quantification accuracies can reach 71% of the true values on average for both high and low contrast targets. In addition to the endogenous absorbers, different exogenous contrast agents have been developed to enhance the contrast of malignant tumors versus normal tissues. [31] [32] [33] Indocyanine green (ICG) is the only Food and Drug Administration (FDA) approved absorption and fluorescent contrast agent in the NIR range and has been widely adopted as a contrast agent in diffuse and fluorescence optical tomography. [33] [34] [35] [36] [37] [38] [39] In this study, we explore the feasibility of using a combined 3-D DOT and 2-D PAT system to detect the enhancement of ICG in the phantom and small animal experiments. This method can potentially improve the accuracy of detecting small breast lesions or any lesions which are sensitive to background tissue optical property changes, such as the lesions located on the chest wall.
Method

Experiment System
PAI system
The details of the combined system have been described in Ref. 29 . The experimental configuration is shown in Fig. 1(a) . Briefly, a Ti:Sapphire (Symphotics TII, LS-2134, Camarillo, California) laser optically pumped by a Q-switched Nd:YAG laser (Symphotics-TII, LS-2122) delivered 20 ns pulses at 15 Hz. The laser output was coupled into two 1000-μm core step-index fibers (Thorlabs, BFL48-1000, Newton, New Jersey) using a convex lens and circular beam splitter arrangement as shown in this figure. The convex lens, which has 99% transmittance at 750-nm wavelength, has a focal length of 20 cm and focuses the light into the pair of fibers which are placed at its focal point. The beam splitter was used to split the incoming beam into two beams, and it was measured to have about 50/ 50 transmitting and reflecting split ratio used for the experiment. The overall coupling efficiency of the setup (including the losses in the lens and beam splitter) was about 85% and the total output energy was about 16 mJ∕pulse. The two output ends of the fibers were attached to the probe shown in Fig. 1(b) and used for PAI. During the course of the experiments, two array-based ultrasound transducers centered at 1.3 MHz (Vermon, France) and 6 MHz (W.L. Gore & Associates Inc., Newark, Delaware) having 120% and 80% fractional bandwidths, respectively, were used depending on the target size and depth. The PAT data were collected by a home-made system, 40, 41 which is capable of performing real-time PAT and ultrasound data collection and display. The system consists of eight 16-channel customized modules combined to form a 128-channel system. Each module is controlled by a separate field programmable gate array (FPGA) processor and has all the necessary analog and digital circuitry for ultrasound transmission and reception. The FPGA controls the ultrasound pulseecho (PE) transmission and detection, the photoacoustic data acquisition process, the parallel processing and storage of the beam, and the real-time switching between the two modalities. The beamformed data storage of each module is made available for a digital signal processor to access using an external memory interface (EMIF). The image reconstruction is done using the delay-and-sum beamforming algorithm. Ultrafast reconfiguration of the FPGA allows it to quickly switch between the two imaging modes, perform transmission control, laser synchronization, internal memory structuring, beamforming, and adjusting the EMIF size and structure. The result is a seamless The DOT system used for the experiment was a frequencydomain imager consisting of four laser diodes emitting at 740-, 780-, 808-, and 830-nm wavelengths. 42 The outputs of these laser diodes were coupled into nine fibers via a 4 × 1 and a 1 × 9 optical switches. The nine source fibers were then deployed around the PAT/DOT probe. The geometry of the probe is shown in Fig. 1(b) with the ultrasound transducer located at the center. On the receiving side, 10 3-mm diameter fiber bundles were used to couple the reflected light from the medium to 10 photomultiplier tubes (PMTs). Light from the source fibers was delivered to the medium sequentially, but the received light was detected in parallel by the PMT detectors. Semi-infinite partial reflection boundary condition with an effective refraction coefficient of 0.6 was used for the DOT image reconstruction.
To overcome the strong light scattering which can cause poor localization and low quantification of the lesion in the directly reconstructed DOT images, the dual-zone mesh algorithm developed earlier by our group was used for reconstructing the target optical properties. 43 Briefly, the entire imaging volume was segmented into a target region and a background region; this segmentation was based on the target absorption map provided by the high-resolution PAT. The center region of the target was read from the reconstructed photoacoustic image in the lateral (y) dimension, and depth (z), as well as a region twice the size of the target diameter. Because the photoacoustic images provided only 2-D information, the target center in the y dimension was assumed to be on the same ultrasound transducer plane at x ¼ 0. The center locations in the x and y-directions measured by the PAT were slightly perturbed in the DOT reconstruction in order to obtain an improved convergence as measured by the object function. Because of the intense light scattering, the target size seen by the DOT was much larger than its actual size. A target region with twice the target size was necessary for avoiding the boundary distortion in the reconstructed DOT images. The dual-zone mesh scheme significantly reduces the total number of voxels with unknown optical properties and dramatically improves the convergence of inverse mapping of target optical properties.
Contrast Agent
ICG is the only FDA approved contrast agent in the NIR range. It has been widely used in medical practice to determine cardiac output, hepatic function, and liver blood flow, and for ophthalmic angiography. 39 It has a peak spectral absorption at about 800 nm, [44] [45] [46] so it is also adopted as a contrast agent in diffuse and fluorescence optical tomography in the NIR range. [33] [34] [35] [36] [37] [38] An ICG derivative, the bis-carboxylic acid ICG derivative, was used in this study; this derivative will be referred to simply as "ICG" in the rest of this paper. The details of the chemical structure and synthesizing procedures can be found in Ref. 47 . This ICG at 1 μM has an absorption peak at 755 nm and a fluorescent emission peak at 778 nm. It also has a quantum yield of 0.066, which is 5.5 times higher than that of commercially available ICG purchased from Sigma-Aldrich, St. Louis, Missouri. 48 In the phantom experiment, the ICG was diluted to different concentrations from 100 to 10 μM. To make ICG phantoms for both PAT and DOT imaging, about 0.15 mL of the diluted ICG was poured into a transparent plastic bubble with dimensions of 0.8 cm × 0.8 cm × 0.6 cm.
Animal Tumor Model
In vivo tumor imaging experiments were performed using a murine tumor model (4T1 Luc mouse mammary carcinoma cells grown in BALB/c mice). The animal protocol was approved by the Institutional Animal Care and Use Committee of University of Connecticut. 4T1 Luc cells were cultured at 37°C with 5% CO 2 in RPMI 1640 medium (Gibco, USA), supplemented with 10% fetal bovine serum, 50 U∕mL penicillin/ streptomycin, 2 mM L-glutamine, and 1 mM pyruvate. The 4T1 Luc cells were passaged three times at 70 to 80% confluence in a T75 flask (BD Biosciences, Bedford, MA, USA) prior to injection. About 1 × 10 5 cells were injected into the lower right mammary fat-pad of 7-week old BALB/c female mice. The in vivo experiments were performed when the tumor sizes reached approximately 6 to 8 mm in diameter, 2 to 3 weeks postinnoculation. All the experiments were performed under anesthesia by the inhalation of 1.5% isoflurane.
Results and Discussion
Phantom Experiment
To obtain the range of detectable ICG concentration with our system, the phantoms with diluted ICG at different concentrations of 100, 50, 20, and 10 μM were used. The phantoms were immersed in 0.6% intralipid solution 49 with the calibrated optical properties of μ a ¼ 0.0231 cm −1 and μ 0 s ¼ 5.77 cm −1 . The center depth of the phantom from the surface of the combined probe varied from 1.5 to 2.5 cm. Figure 2 shows the PAT and DOT images when the ICG phantoms were located at 2.0-cm depths. The figures in the left column are the reconstructed PAT images and those on the right column are the reconstructed DOT images at 780 nm. In each PAT image, the horizontal axis corresponds to the y-axis in Fig. 1(b) and the vertical axis indicates the depth, while the phantom is inside the white circle. Figure 2 (a1) shows clear top and bottom boundaries of phantom which indicates a strong photoacoustic signal. As the concentration decreases, the photoacoustic signals are weaker and the image intensities are decreasing as well. In each DOT image, each slice is the spatial x-y images of 8 cm × 8 cm. The depth of each slice is marked in this figure. Clearly with the depth information provided in the PAT images, it is seen that the reconstructed absorption coefficients from the DOT images decreases as the ICG concentration changes. The reconstructed absorption coefficient maximum values from DOT at different depths are listed in Table 1 .
Animal Experiments
We used the murine tumor model to monitor the ICG uptake and washout time using the combined system. During the experiments, the mouse was placed on a plastic platform with the area at the junction of mouse's leg and torso facing the imaging probe, as shown in Fig. 3(a) . The mouse was anesthetized under isoflurane anesthesia using a nose cone during the experiment and the body of the mouse was merged in the 0.6% intralipid which was heated and stirred to keep at body temperature evenly throughout the experiments. The experimental timeline is described in Fig. 3(b) . At the beginning of the experiment (−5 time point), PAT and ultrasound images were collected in order to re-position the tumor at the center of the imaging probe. The DOT data at this location were collected as the reference for the image reconstruction later. Then at time zero, the mouse was injected intravenously through retro-orbital injections with a dose of 100 μl of 100 μM ICG. The PAT and DOT data were continuously collected every 5 min after the injection for 40 min. Because the condition of the mice under long periods of anesthesia is very unpredictable, 40 min was used as the time limit allowed for mouse under anesthesia in the animal experiments. Figure 4 shows the experimental results of the DOT images in the time sequence (not shown all the images, only the initial point, the peak point, and the end point). Figures 4(a)-4(c) are the reconstructed DOT image at 5, 25, and 40 min after the injection. Each image is 8 cm × 8 cm in the x and y spatial dimensions at the corresponding target depth, and the color bar represents the reconstructed absorption coefficient. The maximum values at each time point are 0.0295, 0.0347, 0.0440, 0.0517, 0.0602, 0.0585, 0.0560, and 0.0492 cm −1 from 5 to 40 min. Clearly, the ICG concentration at the tumor area reached a peak at 25 min, then gradually washed out as shown in Fig. 4(d) . The maximum value at 25 min increased about 100% compared to the initial point. Figure 5 shows the co-registered PAT and ultrasound images at the corresponding time points. The ultrasound images are plotted on a gray scale and photoacoustic images on a color scale. In each image, the horizontal axis corresponds to the y-axis in Fig. 1(b) and the vertical axis indicates the depth. As shown in the images, the ultrasound images can provide structural information to the photoacoustic images at the tumor site. Because the photoacoustic signal is directly related to the laser pulse energy, 1% of laser beam of the output laser energy was split using a beam splitter and coupled into a photodiode (PDA10A, ThorLabs, Newton, NJ, USA). The temporal profile of the laser pulse was measured and recorded by a DAQ board (CS22G8, DynamicSignals, Lockport, IL, USA) at 1-GHz sampling rate. As a result, each PAT data and the corresponding photodiode output of the laser pulses were synchronously acquired, and the photoacoustic signal change caused by the laser energy drift can be accurately monitored. The PAT signal of each frame was divided by the average laser pulse peak to compute a compensated PAT signal. Depending on the tumor structure and size information in PE image, a circular window was chosen to closely define the tumor area for computing a PAT summation signal (compensated PAT summation). The compensated PAT summation at the tumor area during the experiment is plotted in Fig. 5(d) . It has a small increase after the injection, but there is no significant decrease after that. Figure 6 shows the statistics of a group of four mice. The DOT ratio change is defined as the ratio between the maximum absorption coefficients at each time point to the initial point. Figure 6(a) shows the DOT ratio change during the experiment with the average ratio change about 45% increase at peak point (25 min). The exponential fitting of the washout period of ICG is also plotted with a half-life about 53 min. Similarly, the PAT ratio change is defined as the ratio between the compensated PAT summation signals at the tumor area at each time point to the compensated PAT summation at the initial point. Figure 6(b) is the ratio change of the PAT signal during the experiment at the tumor area. There is a small increase (about 10%) after the injection, but no significant decrease during the experiments.
Discussion
In our experiments, we used the mice model to determine the uptake and washout of ICG which leaks into the tumor extravascular spaces and accumulates in the tumor bed. However, ICG quickly accumulates at the bladder through the circulation system at the same time. Because of the small body size of the mouse, usually 10 cm in length and 4 cm in width, the ICG accumulation at the bladder can cause artifacts in the DOT imaging. In the earlier mouse experiments, we observed that the two high contrast regions appeared in the reconstructed images: one was the bladder and another was the tumor area. At the beginning, these two areas were separated. As time passed, these two high contrast areas combined into one because the ICG concentration at the bladder increased. To remove the artifact from the bladder, a shielding layer made with a dark plastic material was used to cover the bladder area to prevent it from absorbing light. The phantom experiments were performed to test the effectiveness of the shielding layer. Two ICG phantoms with a separation of 2 cm were placed in the scattered medium. When there was no shielding layer, the DOT image acquired showed two targets with the maximum absorption coefficients of 0.073 and 0.064 cm −1 , separately. When the shielding layer was applied and only let light to illuminate the center target, the reconstructed image only showed the center target with the maximum absorption coefficient of 0.08 cm −1 . We believe the shielding layer was sufficient in blocking the side target. This was proved in the mice experiments later, where only the tumors were shown in the reconstructed DOT images. However, if the signal from the side target such as bladder in the mice experiment was too strong, there might still have been some detectable signals from the bladder even with the shielding layer in place. These detectable signals might cause a little shifting of the target location and a higher reconstructed value. We suspect this is the reason for the longer half-life for ICG (53 min) in this experiment compared to other experiments, where the half-time of ICG is approximately 30 min. 48 However, the errors and artifacts caused by the bladder are only related to the current animal model. If we move to a patient study in a clinical setting, the bladder issue would not be a problem and more accurate results are expected.
In our experiments, we noticed that the DOT and PAT images perform differently when tracing the ICG uptake and washout process, even though both imaging modalities are using optical contrast. DOT can observe about 40% increment during ICG uptake; PAT signals only showed about 10% to 15% change, on the other hand. There are two possible reasons for this difference. Although both DOT and PAT use optical contrast, their mechanisms are still different. In PAT, the local pressure change (p) which is the source of the photoacoustic wave is directly related to the local optical absorption (A), the percentage of energy converting into heat (η), and the Grueneisen parameter of the material (Γ), as shown in the formula, p ¼ ΓηA. 50 The Grueneisen parameter is about 0.2 at room temperature for water or water-based tissue. As a result, PAT can be less sensitive to very weak signals. Another reason is related to the light illumination currently used in the experiments. Since the DOT uses diffused light, it probes a larger area and provides more average tumor optical properties, while the PAT has very limited light illumination comprising only two fibers close to the transducer. Additionally, the 2-D ultrasound transducer has limited view in the tissue as well. As a result, PAT and DOT show different characteristics of tumor. This is consistent with our observations in ovarian cancer experiments. 51, 52 How to quantitatively combine DOT and PAT information is under further investigation. In this experimental design, the PAT is mainly used to provide the location guidance for DOT. The current system still needs to be improved to perform clinical experiments. Although the body of the animal was merged in the intralipid solution in the current setup, the energy density on the tissue surface was about 20 mJ∕cm 2 which is below the required American National Standards Institute (ANSI) safety standard (24 mJ∕cm 2 ). However, the probe will directly come into contact with the breast surface and coupling gel in the clinical experiment. The energy density on the surface may exceed the ANSI safety standard. We are looking for more efficient methods to deliver the light to the tissue. One possible way is to use a new fiber assembly which can split light energy from 1 940-μm core input fiber to 19 200-μm core output fibers by applying a proprietary power splitting technology. These will decrease the energy output of the source fibers by a factor of 10. We envision that the operator can hold the combined probe to scan through the breast area in the future clinical trial, same as ultrasound scan operation.
Conclusion
In conclusion, we have demonstrated that our PAT-guided DOT system can be used to quantify the absorption coefficient of a lesion with the contrast agent, ICG. The animal experiments also demonstrated that the combined system can monitor the ICG concentration change in the lesion area. We anticipate that this combined system using true optical contrast can improve the diagnosis of breast lesions in the near future. 
